The diagnosis, prevention, and treatment of many illnesses, including infectious and autoimmune diseases, would benefit from the ability to measure specific antibodies directly at the point of care. Thus motivated, we designed a wash-free, electrochemical method for the rapid, quantitative detection of specific antibodies directly in undiluted, unprocessed blood serum. Our approach employs short, contiguous polypeptide epitopes coupled to the distal end of an electrode-bound nucleic acid "scaffold" modified with a reporting methylene blue. The binding of the relevant antibody to the epitope reduces the efficiency with which the redox reporter approaches, and thus exchanges electrons with, the underlying sensor electrode, producing readily measurable change in current. To demonstrate the versatility of the approach, we fabricated a set of six such sensors, each aimed at the detection of a different monoclonal antibody. All six sensors are sensitive (subnanomolar detection limits), rapid (equilibration time constants ∼8 min), and specific (no appreciable cross reactivity with the targets of the other five). When deployed in a millimeter-scale, an 18-pixel array with each of the six sensors in triplicate support the simultaneous measurement of the concentrations of multiple antibodies in a single, submilliliter sample volume. The described sensor platform thus appears be a relatively general approach to the rapid and specific quantification of antibodies in clinical materials. T he detection of multiple specific antibodies plays a central role in the diagnosis of infection, and the detection and monitoring of rheumatic and other autoimmune diseases.
T he detection of multiple specific antibodies plays a central role in the diagnosis of infection, and the detection and monitoring of rheumatic and other autoimmune diseases. 1−13 The use of these as diagnostic markers is hampered, however, by limitations inherent in existing methods for antibody detection. Current standard methods for the detection of antibodies, including, for example, enzyme-linked immunosorbent assays (ELISA) and Western blots, are slow, cumbersome, laboratory-bound processes that require hours to days to return clinically actionable information. 3 Given that reduction in the time required to diagnosis disease speeds treatment, reduces complications, and saves lives, technologies that move antibody detection from central clearing house laboratories to the point of care could dramatically improve patient outcomes in both the developed and developing worlds. 13 In response to the need for point-of-care antibody detection, recent years have seen the development of the lateral flow ("dipstick" or "rapid test") assay. 13, 14 This approach, which utilizes immobilized antigens, enzyme-or modified goldnanoparticles with secondary antibodies, and a clever, wicking-based automated wash protocol to detect specific antibodies, has revolutionized, for example, the point-of-care detection of HIV infection. 14 Unfortunately, however, lateral flow assays at best provide only qualitative or semiquantitative information regarding the serum levels of their targeted antibodies. 9 This limitation renders the approach poorly suited for use in monitoring autoimmune status and disease progression 15, 16 or for discriminating between active and prior infections. 14, 17 Lateral-flow assays have also proven difficult to parallelize, 9 rendering them cumbersome in applications for which multiple antibodies must be monitored simultaneously. 4, 10 There thus remains an important medical need for the rapid, quantitative, multiplexed measurement of antibody concentrations at the point of care. 13, 14 In an effort to meet this need, a number of reagent-and wash-free sensors have been reported that, at least in theory, could meet the significant challenges associated with this application (see, for example, ref 3) . The large majority of these, however, including surface-plasmon resonance (SPR)-, quartz crystal microbalance (QCM)-, field-effect transistor (FET)-, microcanntilever-, and electrochemical impedance spectroscopy (EIS)-based approaches, fail when challenged with unprocessed clinical materials due to the nonspecific adsorption of interfering agents. Consistent with this, none of these approaches have yet penetrated clinical laboratories, much less the point of care. Indeed, to date, no general method for the quantitative detection of specific antibodies achieves diagnostically relevant sensitivity and specificity without relying on significant sample preparation, cumbersome laboratory equipment, or highly trained personnel. 14, 18 Here, in contrast, we demonstrate a quantitative, electrochemical platform for the rapid, wash-free detection of multiple specific antibodies directly in submilliliter clinical samples.
■ EXPERIMENTAL SECTION Materials. 6-Mercapto-1-hexanol, fibrinogen (from bovine plasma), bovine serum albumin, tris(2-carboxyethyl)phosphine, anti-FLAG antibody (Sigma Aldrich), Tween 20 (Acros), and all other antibody targets (Polymun Scientific, Vienna, Austria) were all used as received. Dulbecco's phosphate buffered saline 20× stock (Sigma Aldrich) was diluted to 1× or 3× final concentrations and brought to pH 7.4. All antibodies were used as received. The 5′-thiol-, 3′-methylene blue-modified DNA anchor strand (HPLC-purified, Biosearch Technologies, Inc., Novato, CA) was used as received without further purification. The anchor strand sequence was 5′-d Thiol C6 SS-GCAGTAACAAGAATAAAACGCACTGC-Methylene Blue-3′. The peptide nucleic acid−peptide epitope chimera (HPLC-purified, Panagene, Daejeon, Korea) was also used without further purification. Each sequence followed the model EPITOPE-cagtggcgttttattcttgttactg, with lower case letters representing PNA nucleosides.
Sensor Fabrication. Sensors were prepared using a previously reported protocol 24 with minor alterations. In brief, gold rod electrodes (2 mm diameter, CH Instruments, Austin, TX) were first mechanically polished in a slurry of diamond paste (Buehler, Lake Bluff, IL) in ethanol followed by sonication in ethanol for 5 min. This was followed by polishing with a slurry of 50 nm aluminum oxide in water (Buehler, Lake Bluff, IL) and then sonication in water for 5 min. The electrodes were further cleaned by first voltammetric scans in 0.5 M NaOH to remove any organic surface contamination and then a series of oxidative and reductive scans in 0.5 M H 2 SO 4 and then 0.1 M H 2 SO 4 /0.01 M KCl as previously described. 30 Electrode area was determined by integration of the gold oxide reduction peak in 0.05 M H 2 SO 4 . After physical cleaning of the electrode surface, electrodes were rinsed thoroughly and immersed in 25 nM (determined using absorbance at 260 nm) anchor strand DNA for 1 h in Dulbecco's phosphate buffered saline, pH 7.4. Prior to this, the DNA anchor strand had been left in 10 mM tris(2-carboxyethyl)phosphine for 1 h to reduce any disulfides formed by the thiol-modified DNA. After immobilization of the anchor strand DNA, to passivate, the remaining electrode area sensors were rinsed and immersed for 1 h in 3 mM 6-mercapto-1-hexanol in the same buffer. To create the DNA anchor strand/PNA recognition strand duplex on the surface, sensors were incubated in a 100 nM solution of the recognition strand overnight (∼12 h) in, once again, the same Dulbecco's buffer. Finally, to further block nonspecific adsorption and ensure good performance in blood serum, the sensors were immersed in a 1 M NaCl with 0.1% (w/w) bovine serum albumin and 0.05% (v/v) tween 20 prior to use.
Sensor Operation. Squarewave voltammetry was performed using a three-electrode setup on a CH Instruments electrochemical workstation with a step potential of 0.001 V, an amplitude of 0.025 V, and a frequency of 60 Hz. All titrations were performed in the same blocking solution as described above.
Multi-Sensor Array Chip Fabrication and Measurements. The microfabricated chips employ eighteen gold working electrodes and a common platinum quasi-reference and a platinum counter electrode. The electrodes were fabricated on the basis of a previously described method. 25 Briefly, platinum reference and counter electrodes and gold working electrodes were sequentially microfabricated on a 4 in. diameter, 500 μm thick borofloat glass wafer (Mark Optics, Santa Ana, CA) through successive standard lift-off processes. The lift-off consisted of transparency mask (Grayphics, Santa Barbara, CA)-based contact photolithography, electron-beam evaporation-based metal deposition (180 nm of platinum or gold on 20 nm of titanium for adhesion; VES 2550, Temescal, Livermore, CA), and immersion and gentle sonication in acetone. The electrode wafer was finally diced (Disco DAD-2H/6, Tokyo, Japan) into individual chips, each measuring 25.4 mm by 25.4 mm. To ensure efficient reagent handling during experimentation, a disposable PDMS chamber was attached to the electrode chip to define a reaction well. The PDMS chambers were cut from a 250 μm thick PDMS sheet (BISCO Silicones, Rogers Corporation, Carol Stream, IL) with a programmable sign-cutting tool (CE5000-60, Graphtec, Santa Ana, CA). The gold working electrode pixels were electrochemically cleaned prior to anchor strand deposition using a series of cyclic voltammetric scans in 0.05 M H 2 SO 4 . Sensor fabrication and measurement was then performed as described above using a blocking buffer comprising a 3× Dulbecco's phosphate buffered saline, 0.1% (wt/wt) bovine fibrinogen, and 0.05% (v/v) Tween 20.
■ RESULTS AND DISCUSSION
Our approach, which we have termed E-DNA (electrochemical DNA, a class of sensors employing redox-tagged, electrodebound nucleic acid probes) antibody sensor (Figure 1, left) , employs a modified nucleic acid duplex as its signaling and recognition probe. 19, 20 One strand of this probe (the anchor strand) is modified with a redox reporter (here, methylene blue) at its 3′ terminus and is affixed to an interrogating electrode via its 5′ terminus. The second strand of the duplex probe (the recognition strand) is modified with the relevant antigen at its 5′ terminus, placing this recognition element distal from the electrode. In the absence of the target antibody, the methylene blue approaches the electrode surface, allowing for efficient electron transfer. The binding of an antibody to the epitope impedes this approach, reducing the observed electron transfer efficiency (Figure 1 , right) and leading to a large readily measurable change in faradaic current (Figure 1, bottom) . To date, we have described two E-DNA antibody sensors, both of which achieve nanomolar detection limits and are sufficiently selective to deploy directly in complex sample matrixes such as crude soil extract, seawater, and diluted blood serum. 19, 20 These prior examples, however, both employed simple, small molecule haptens (digoxigenin and dinitrophenol) as their recognition elements, limiting their usefulness. 19, 20 Here, in contrast, we demonstrate the utility of the E-DNA antibody detection platform for the rapid, specific, multiplex detection of antiprotein antibodies. The detection of antiprotein antibodies requires that we modify the E-DNA platform to present polypeptide recognition elements. To facilitate this, we have employed a peptide nucleic acid (PNA)-based recognition strand; the peptide-bond backbone of PNA supports the ready solid-phase synthesis of PNA-polypeptide chimeras that both present the relevant epitope and can hybridize to our DNA anchor strand. 21, 22 As an initial test of the utility of PNA/polypeptide chimeras in the E-DNA platform and, indeed, the viability of the use of the approach to detect antipolypeptide antibodies, we employed a 25-base PNA recognition strand terminated with the wellcharacterized, eight-residue FLAG epitope (with two glycines added to act as spacers: DYKDDDDKGG-PNA), a commonly used affinity tag for antibody-based protein purification. 23 Our anti-FLAG antibody sensor rapidly and sensitively recognizes its target antibody (Figure 2) . Specifically, by measuring the percent change in faradaic peak current (with respect to the unbound state), as measured with square wave voltammetry, the sensor readily detects anti-FLAG antibody at concentrations as low as 500 pM (Figure 3, top left) . Titration with increasing concentrations of the FLAG antibody results in an signal change that rises monotonically with a dissociation constant within error of the ∼3 nM reported against the FLAG peptide displayed on a cell surface. 26, 27 The anti-FLAG antibody sensor responds rapidly to its target, exhibiting an equilibration time constant of ∼8 min at room temperature and exhibiting an appreciable change in signal after just 2 min of incubation with its target (Figure 2, top) . The sensor is also specific and selective. For example, we do not observe any significant signal change (i.e., within typical standard errors of ≤5%) when we challenge the sensor with 50 nM of mixed, nonspecific IgG antibodies (Figure 2, bottom) . Finally, the sensor is selective and performs well even when the target antibody is presented in undiluted blood serum ( Figure.1 ) or in whole blood diluted 1:4 with buffered saline ( Figure S1 , Supporting Information).
Analytical Chemistry
The E-DNA antibody detection platform appears applicable to the detection of a wide range of antibodies. To demonstrate this capability, we first selected five monoclonal anti-HIV antibodies from the literature to use as a test bed to determine Figure 1 . E-DNA antibody sensor (top) comprises an electrode-bound, redox-reporter-modified DNA strand, termed the "anchor strand," that forms a duplex with a complementary "recognition strand" (here composed of PNA) to which the relevant recognition element is covalently attached. In the absence of antibody binding (top left), the flexibility of the surface attachment chemistry supports relatively efficient electron transfer between the redox reporter and the electrode surface. Binding to the relevant target antibody (top right) decreases electron transfer, presumably by reducing the efficiency with which the reporter collides with the electrode. (Bottom) Binding can thus be measured as a decrease in peak current as observed via square wave voltammetry. As shown, sensors in this class are highly selective and perform equally well in buffered saline (bottom left), undiluted blood serum (bottom right), or 1:4 diluted whole blood (see Figure S1 , Supporting Information). the likelihood that we can build a sensor for the detection of any given antibody. We selected these antibodies using only the following criteria: (1) the antibody must be directed against a relatively short (limit arbitrarily set at 20-residues) contiguous epitope (a continuous polypeptide chain), (2) the solutionphase binding must be well characterized, and (3) the antibody must be commercially available. Our selection of antibodies, thus, was based on their technical and programmatic convenience rather than their clinical interest. Nonetheless, using this approach, we selected a set of antibodies to serve as at least an initial test of the generalizability of the E-DNA antibody sensor approach. The five antibodies in this set (Table  1) all bind specific, well-characterized HIV epitopes of 6 to 18 residues with dissociation constants below 5 nM. 28−33 Out of our first set of five anti-HIV antibody sensors, we achieved three successes. That is, three of our five initial sensors supported the rapid and specific detection of their target antibodies at subnanomolar concentrations, a detection limit that compares well with the 1−10 nM serum concentrations reported for, for example, clinically relevant anti-HIV antibodies. 34 Even at antibody concentrations as high as 40 nM, however, sensors based on the 4E10 and p17 epitopes of HIV failed to respond to their targets ( Figure S2 , Supporting Information). Fortunately, further evaluation of the literature suggested that small alterations in the sequences of either epitope (illustrated in Table 1 ) drastically affect its binding affinity. 29, 30 For example, with the addition of a polylysine tail to improve solubility, the reduction of the 4E10 epitope to the shortest linear sequence that exhibits affinity to the anti-4E10 antibody significantly improves its binding constant. 30 Armed with this knowledge, we fabricated new sensors employing slightly modified versions of these two epitopes (see Table 1 ) and found that, once again, these support the rapid, subnanomolar detection of their target antibodies (Figure 3) . We thus ultimately achieved the sensitive and specific detection of all five of the anti-HIV antibodies in our test set (Figure 3) , suggesting that the E-DNA antibody detection approach is quite versatile. Indeed, including our anti-FLAG antibody sensor, we have achieved a six-for-six success rate, and thus, at least for antibodies that bind short, contiguous epitopes, the E-DNA antibody detection approach may be nearly universal.
Consistent with their subnanomolar detection limits, all six of our sensors exhibit reasonably high signal gain (Figure 3) . Specifically, at saturating target concentrations, four of the six exhibit a ∼40% change in relative signaling current and two exhibit 60 to 75% changes. The origins of the larger gains of the latter two sensors is unclear, but the results are highly reproducible for each epitope we have employed. We thus suspect that the variation in gain from epitope to epitope arises due to the specific geometry of the relevant epitope/antibody complex.
The ability to perform multiplexed detection would offer significant advantages for point of care diagnostics in that it allows for the simultaneous monitoring of multiple markers in a single sample. Such multiplexing likewise supports the performance of both negative and positive controls in that same sample. Together, these attributes can significantly improve the specificity and sensitivity with which diseases such as systemic lupus erythematosus, for which no single antibody test achieves acceptable clinical specificity, 4 are detected and diagnosed. Motivated by these observations, we integrated our six sensors in a single, multiplexed device employing gold electrodes microfabricated on a glass substrate. Our devices contained eighteen 500 × 500 μm gold working electrodes arrayed in six, three-pixel clusters (Figure 4, top) . To convert these chips into a sensor array, we first deposited a common anchor strand sequence on all 18 pixels. We then modified each three-pixel cluster with one of the specific recognition probes yielding a device that can perform simultaneous, triplicate measurements of each of six antibody targets.
Our multisensor arrays readily support the simultaneous detection multiple of antibodies in a single, submilliliter sample volume. For example, when we challenge our array with a mixture of anti-FLAG, 2F5, and 4B3 antibodies at 25 nM (each), the appropriately labeled pixels, and only the appropriately labeled pixels, respond accordingly (Figure 4 , bottom) with little (≤3% signal change) crosstalk being observed for the other pixels. Moreover, we have accomplished this detection in a few minutes, with a convenient, wash-free device and using only a modest 200 μL sample volume. Of note, the gain differs somewhat between sensors fabricated on the gold disk electrodes described above and on the microfabricated electrodes described here. We attribute this to differences in the surface morphology of the gold electrodes. 19, 20 Sensor performance is highly dependent on probe packing density on the sensor surface; therefore, differences in morphology in the sensor surface between the hand-polished disk electrodes and smoother microfabricated surfaces may lead to differences in packing densities using the same thiolated-DNA concentration. 35 The DNA modification concentration (and thus optimal packing density) for the latter surface was not optimized to achieve maximum signal change.
■ CONCLUSION
Here, we have demonstrated a multiplexed electronic device for the quantitative measurement of antiprotein antibodies in a . Electrochemical E-DNA antibody sensor readily supports multiplexed detection. Here, we have employed a microfabricated chip (top) containing eighteen 500 × 500 μm sensors arranged in six, three-pixel clusters. Each cluster is directed against a different antibody, and thus, the device supports the simultaneous, triplicate measurement of six different targets. A sample well is placed on top of this chip to complete the sensor. (bottom) When this device is challenged with 200 μL of a mixture of anti-FLAG, anti-2F5, and anti-4B3 antibodies (here at 25 nM), only the appropriate pixels exhibit any significant signal change. Error bars represent the standard deviation of measurements made on each of the three specifically labeled pixels.
single, submilliliter sample. Our approach is rapid (minutes), sensitive (subnanomolar), and convenient (single-step, washfree). Moreover, because signal generation in the E-DNA platform is predicated on specific, target-induced changes in collision efficiency, our sensors are relatively insensitive to nonspecific adsorption and can be deployed directly in complex clinical materials. The electrochemical readout of our sensor platform is likewise facile and is supported by simple, inexpensive electronics well suited for deployment outside of the laboratory. 36 Finally, the platform appears general, at least for the detection of antibodies against contiguous epitopes: we ultimately developed high affinity, high-specificity sensors against all six of the monoclonal antibody targets in our initial test set. Taken together, these attributes suggest the E-DNA antibody platform may be proven as a promising approach for the quantitative detection of antibodies directly at the point of care.
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